X-ray-computed tomography (CT) successfully underwent a transition from slice-by-slice imaging to volume imaging in
I. INTRODUCTION
Since the introduction of X-ray-computed tomography (CT), its primary aim has been the imaging of complete organs and volumes. At the beginning, this was done by sequential scanning of consecutive slices. In 1989, spiral CT was introduced as a method for continuous volume scanning [1] , [2] . This scan principle became feasible due to the introduction of the slip ring technology which allows for a continuous rotation of the X-ray tube and detector assembly, the so-called gantry. This enables the basic property of spiral CT data acquisition: the patient is continuously translated through the rotating X-ray fan, which defines the field of measurement, while the gantry is simultaneously rotating and the attenuation measurements are recorded for each detector channel. The table feed per 360 rotation can be selected independently. During the measurement the focal spot describes a spiral (like in "spiral staircase") or helical (like the "helical structure of the DNA") trajectory relative to the patient [1] , [3] (Fig. 1) . We here solely use the term spiral CT, but it is understood that spiral CT, helical CT, and volumetric CT can be regarded as synonymous expressions. Soon it became apparent that this scan mode enables both new and improved CT applications-the introduction of CT angiography can be seen as the first proof for this.
Step by step, the principal advantages offered by spiral CT imaging [4] , [5] were exploited by overcoming many practical restrictions. Today, the X-ray intensities and scan times demanded for scans of large volumes and/or complete organs with high and isotropic three-dimensional (3-D) spatial resolution, are routinely available.
For instance, the length of the volume to be scanned with high spatial resolution, i.e., with narrow slice collimation, is assumed to be 300 mm as demanded by a typical lung. With a single-slice scanner (1.0-s rotation time, 1-mm collimation, 0018-9219/03$17.00 © 2003 IEEE and 1.5-mm table feed per 360 rotation in spiral scan mode, i.e., pitch factor 1.5) this examination would take 200 s-far longer than a single breath-hold. Therefore, in such cases, the optimal parameter settings are not practical. However, this did not prevent the general acceptance of spiral CT, but became incentive for further developments.
The latest technological improvements of X-ray CT scanners offer both significantly increased rotation speeds and multirow or area-detector arrays. In addition to the overall improvement in scan speed, this technology provided the basis for various new CT applications.
In this paper, we describe the technological basis of multirow and area-detector systems. Then we discuss the basic aspects of system setup, data acquisition and processing, reconstruction approaches, and the resulting image quality for today's leading edge multislice spiral CT (MSCT) systems that offer rotation times down to 0.4 s per rotation. Further on, we present new applications that have become feasible with MSCT systems.
All image quality measurements and patient studies presented in the subsequent sections were performed on the Sensation 16 scanner (Siemens Medical Systems, Forchheim, Germany) installed at the Institute of Medical Physics (IMP), Friedrich-Alexander-University of Erlangen-Nürnberg, Erlangen, Germany.
II. MULTIROW DETECTOR TECHNOLOGY
The known measurement technique of spiral CT scanning remains essentially unaltered in MSCT (Fig. 1) . The advantage of a multirow detector is given by the increased table feed per rotation resulting from the increased total width of the X-ray fan in the direction of the axis (the axis of rotation which is most often the same as the patient's longitudinal axis).
The most common detector technology uses solid-state scintillation materials in combination with photo-diode arrays. All scintillators presently in use have a rare-earth element contribution, such as Gadolinium (Gd), Yttrium (Y), Cerium (Ce), Praseodymium (Pr), and others. Typical materials are Gadolinium-Oxy-Sulfate ( ) or YttriumGadolinium-Oxide (YGO), which have ceramic properties and are doped with the above-mentioned rare-earth elements [6] - [11] . A single detector element faces the incident X-rays with a ceramic layer of 1 to 3 mm thickness depending on the translucency of the material. Thereby, a compromise between the scintillator's X-ray absorption and the self-absorption of visual light is achieved. A photodiode is glued to the back of the scintillating block, adjacent detector elements are separated by light-tight sheets in rows as well as in the fan direction. A multirow detector system with 24 rows can contain up to 24 000 of these detector elements. Another challenging demand on X-ray detectors for clinical CT is the relatively high photon flux the detectors have to cope with. A single detector element is sensitive to incident radiation within its entrance window, which has typically an area of at least 1 mm 0.5 mm (width of the detector aperture in fan direction multiplied by the slice width in the -direction). More than 2 photons per second and per milliampere of tube current have to be registered by a single channel with tube voltages within the range of 120-140 kV and tube currents within the range of 10-1000 mA. Thus, the detectors cannot be operated in a photon counting fashion but work with charge integration.
For each detector channel the total light produced by the incident X-rays during one readout interval (typically 400 s) is converted to a corresponding amount of charge. The resulting voltage is amplified and digitized afterwards with an effective dynamic range of more than 20 bits, typically.
Two types of multirow detector systems are in common use: isotropic arrays and so-called adaptive arrays. They differ in the way how they achieve a variable collimated width of each measured slice. In principle, the cone-beam angle is determined by pre-patient collimation. The physical slice width is achieved from a combination of the signals measured in the different detector rows by means of electronic switching resulting in the desired number of slices.
For isotropic arrays this simply means creating slices with physical width in multiples of the detector row extent in the direction (e.g., 0.75 or 1.0 mm) projected on the axis of rotation. Adaptive array detectors are built up in a nonisotropic way with fewer septa within the outer slices in the direction, which leads to higher geometric detection efficiency (Fig. 2) . The definition of the slices (although slightly more complex) is carried out in an analogous manner [3] .
Both isotropic and adaptive arrays apparently work, and both have the potential to be extended to higher number of slices ( ) in future systems. Geometric efficiency is higher in adaptive arrays, but so is complexity as these impose high demands on the precision of the collimator positioning. To the user there is not much of a difference as the number of slices simultaneously acquired is the significant parameter and not the actual number of physical detector rows.
III. SYSTEM OVERVIEW
The signals from the single channels are normalized and converted to logarithmic attenuation values. Afterwards, the resulting data from a single readout are combined yielding complete two-dimensional (2-D) projections, which are then written to hard disk. After several corrections that account for known nonlinearities and imperfections of the system under consideration the resulting "raw data" or "sinograms" are ready for the actual image reconstruction. Fig. 3 illustrates a typical system setup of a modern CT scanner. The X-ray tube and the detector arc are mounted on a rotating gantry, while the current longitudinal position is determined by the patient table's translation. All components are controlled from a central master unit which takes care of appropriate synchronization of table feed, gantry rotation, detector readout and X-ray production. To avoid overheating of the X-ray tube an additional unit is positioned between the scan control and the high voltage generator. This according to the full width at half maximum (FWHM) of the total SSP. By optimizing the production process an almost homogeneous detector response in the z direction is achieved. In any case, to provide adequate homogeneity of the CT values it is necessary to illuminate the whole detector array with constant X-ray intensity.
tube load calculator continuously checks the tube temperature according to prestored data accounting for electrical energy take-up and heat dissipated.
In general, there are two ways to trigger the readout of the detector system: The data are acquired with equidistant temporal or angular intervals. This means that either the time of the detectors integrating charge is constant or that the actual angular position of the rotating gantry is measured continuously and the readout is triggered when the tube has advanced a fixed angular interval . Also, the collimation of the total width of the X-ray beam and the angular speed of the rotating gantry are set appropriately to the demands of the specific scan protocol and within tolerable limits of accuracy. Table 1 summarizes typical values of scan parameters essential in operating modern clinical CT systems. The list of physical scan parameters defined via the scan protocol which is chosen by the operator includes tube voltage and current, the speed of gantry rotation and simultaneous table travel, and the total collimated width of the X-ray beam. Implicitly, based on the parameter set the focal spot size and the number of projections sampled during one full rotation is selected. With respect to the patient, the physical scan parameters determine the radiation exposure. To indicate the amount of radiation utilized for a specific examination it is common to note the product of the tube current (in mA) and the time (in s) needed for a single 360 rotation of the tube as the so-called "mAs product." Typical mAs products range from 10 mAs with low-dose scans, e.g., in pediatric radiology, up to 500 mAs in high-dose scans necessary for low-noise images of adipose patients.
Special attention should be paid to the high amounts of data acquired of up to 5 GB per scan that have to be transferred and processed by the image processing system within a very short time. In particular with respect to the continuous increase of the gantry rotation speed, the data transfer and processing speed has to keep up with the decreasing scan times. Of course an acceleration of a massive apparatus like a CT's gantry is accompanied with mechanical forces going up with the 2nd power of the angular frequency; this imposes additional difficulties on the construction of the steadily improving CT systems.
While the electrical power to feed the X-ray tube is still transferred onto the rotating gantry via a high-end slip-ring technology, the output of measured data is downloaded using wireless LAN. To keep up with the high data rates involved during measurement, the necessary steps of physical precorrection, geometrical ray rebinning, spiral interpolation and/or weighting, convolution and backprojection of the projections have to be optimized with respect to processing time. By applying multiprocessor threading, precalculated lookup tables and customer-specific processor boards modern scanners achieve rates of more than ten images reconstructed per second.
Accordingly, the amount of images reconstructed during a single study has increased to often more than 1000. One of the major recent challenges to radiologists is to find new ways to inspect the primary images and to reach a diagnostic decision in a justifiable time and with reasonable efforts. In addition, the archiving of the large amounts of patient data, which is required by law in many countries, poses new challenges to the medical information processing systems.
The preprocessed projections are stored to the hard disk and kept at least until the examination is completed. This enables repeated reconstructions from the same data set but with various different image reconstruction parameters. These include the geometrical properties such as the pixel size, the matrix dimensions (most often 512 512) and the position of the slice depicted within the scanner's coordinate system (the image's origin in / and the position). Further, the image quality is determined by the choice of the convolution kernel (controlling noise and spatial resolution), the reconstructed slice width and the -interpolation method for spiral scan acquisition.
In principle, a CT system measures the 3-D distribution of the linear X-ray attenuation coefficient. It is common to convert the attenuation coefficient values to the so-called Hounsfield values or CT numbers before displaying the image on the screen. The intrinsic accuracy of a typical CT system is about 0.1% for typical soft tissues; one Hounsfield Unit (HU) corresponds to exactly 0.1% difference in X-ray attenuation of pure water. An additional shift is applied such that air yields 1000 HU and water 0 HU. Mathematically, the rescaling of the measured attenuation coefficient can be expressed by the following equation:
CT value HU
In order to allow the radiologist to adjust the contrast displayed on a monitor screen the number of available grey scales can be interactively adapted to the Hounsfield scale. The region of HU values that are discernible between pure black and pure white is called the display window and is defined by its width and its center in HU.
IV. SPIRAL SCAN PRINCIPLES
For MSCT the original spiral scan principle is not changed; however, the -axis speed can be significantly increased (Fig. 4) . It has to be emphasized that it is the number of simultaneously acquired slices, which determines the acquisition speed, and not the underlying concept of slice definition and the somewhat arbitrary number of physical detector rows. Acquisition speed is increased by the factor as compared to single-slice systems. While the table speed increases by the factor , it should be noted that the definition of pitch remains unaltered [3] , [12] . The spiral pitch factor is defined as the ratio of table feed per rotation divided by total X-ray collimation width:
with the collimated thickness of a single slice denoted by . This definition of the pitch factor does not depend on , which may be 1, 2, 4, 8, or 16 and most probably larger in the near future; rather depends on total collimation and will typically span a range of values between 0-2, regardless of the type of scanner or number of slices. Zero pitch always refers to the classical "step-and-shoot" technique of measuring single transaxial sections.
Furthermore, defined like that, the pitch unambiguously indicates two essential relations: First, image quality may be deteriorated severely if the pitch is increased beyond , which is-with respect to the central ray-the limit for gapless sampling along the -direction, when taking into account rays with both (direct and opposite) directions.
The second fact is that for patient dose is decreased by a factor equal to compared to sequential scanning of contiguous transaxial slices at the same tube-current-time product for a single rotation. From another point of view the pitch factor can be regarded as an inverse measure of how much the scanned volume is exposed, since equals the number of rotations at a given position: always indicates overlapping acquisition and thereby overlapping radiation exposure.
V. ADVANCED RECONSTRUCTION APPROACHES
Although an essential innovation has been made with multirow detector technology, appropriately designed -interpolation algorithms are just as important with respect to the finally achievable image quality. The diameter of the field of measurement in clinical CT is unaltered, resulting in typically a 1000-mm distance between tube and detector. Because the slice thicknesses are of the order of 1 mm or less, the slices are assumed to be parallel to each other and to provide independently sufficient data for a single plane for up to . Thus, the reconstruction can be based on standard 2-D algorithms.
With today's MSCT systems, reconstruction can not be based anymore on the approximate assumption that the measured slices are parallel and perpendicular to the axis as it is possible for . Therefore, these systems are referred to
These efforts have led to a large number of publications treating exact as well as approximate cone-beam reconstruction methods (e.g., [13] - [19] ). Since a detailed discussion of these methods is beyond the scope of this paper and the mathematics involved is relatively complex, the interested reader is referred to recent review papers (e.g., [20] and [21] ) and, in particular, to [22] - [28] and [29] - [36] .
A. Exact Cone-Beam Methods
Algorithms of this type try to exactly invert the cone-beam transform, either by calculating the Radon transform [37] , [38] or by using a filtered backprojection approach [17] , [39] . The fundamental problem with all exact 3-D algorithms can be summarized as follows: whereas in a 2-D slice it is necessary to know the integrated object distribution along all existing one-dimensional (1-D) lines intersecting a point to be reconstructed, in 3-D analogously the integrals within all 2-D planes have to be known. In the 2-D case, the requirement is easily met by collecting the attenuation projections from an angular range of 180 within the desired tomographic section (i.e., the slice). In the 3-D case, with many algorithms the object has to be completely covered by the cone beam for each projection [37] , [38] . An actual measurement of the necessary data analogously to the 2-D case is at least unpractical if not practically impossible.
Recent approaches overcome this problem by using data combination to synthesize truncated projections in order to calculate complete Radon data. However, this implies that for the case of a spiral trajectory the total spiral scan range has to completely cover the object. Of course, in practice it can not be accepted that the whole body of a patient is scanned when only a limited region (e.g., the head) is of interest. The problem of reconstructing a region of interest (ROI; in this context, a range along the axis) from a spiral scan extending over the length of that ROI only became to be known as the long-object problem.
Some exact algorithms handle the long-object problem by adding two circles at the beginning and the end of the scan path [40] , [41] which is not easily realizable in medical CT since the table acceleration and deceleration must not exceed certain values due to mechanical and patient comfort reasons.
The algorithm proposed in [22] , [42] handles the long-object problem exactly for the case of a spiral trajectory without adding two circles to the trajectory. Nevertheless, it does not allow for a projection-wise, i.e., sequential processing of the measured attenuation data which is of high interest due to computer memory reasons and reconstruction speed. Even if this problem is solved, the exact algorithms have a relatively high computational complexity in common which makes them slow and thus not very attractive for use in medical CT.
Finally, the method recently proposed in [34] is considered a very promising mathematical approach. The method is exact and it avoids the long object problem. Above all, it has a convolution-backprojection structure. However, it only allows for a fixed pitch value and it does not provide 100% detector usage yet. The future will tell if this algorithm can outperform the other algorithms which are already in use for practical cone-beam CT systems today.
B. Approximate Methods
The best known approach to an approximate solution for reconstructing 2-D images from true 2-D projections was proposed by Feldkamp et al. [43] ; many modifications followed since then [44] - [48] . By not using the Radon space as an intermediate domain the long-object problem is avoided. Furthermore these algorithms are also easier to implement and computationally less demanding. The same well optimized high-speed reconstruction units for planar data sets can be employed to ensure practicability in clinical routine. Nevertheless, with increasing cone angle they introduce severe cone-beam artifacts and, thus, are acceptable for medical CT only when using a relatively low number of detector rows [49] .
The first spiral multislice -interpolation and -filtering algorithms that have been developed synthesize standard transaxial data sets covering the necessary projection angle range of 180 for each position where an image is to be reconstructed [50] , [51] . The simplest approach is straightforward: the known principles of 180 linear interpolation (180 , [3] ) can be adapted to multislice acquisition, thereby simply turning the well-known 180 into 180 algorithms. Instead of one, interlaced spiral data sets can be utilized. As a matter of fact, this straightforward approach to multislice or area-detector reconstruction is prone to artifacts. In practice, more sophisticated and flexible approaches are chosen [52] , [53] . Nearly all advanced methods are based on a combination of interpolation and filtering. For instance, it is possible to focus on measured projections only, collecting them in the vicinity of the reconstruction position and to calculate weighted sums within variable ranges of projection angles. Synthesizing data for more than 360 is also possible, and so is restricting the virtual planar data similar to the partial scan technique [54] .
Since these so-called -filtering algorithms are again prone to cone-beam artifacts as soon as , alternative methods had to be developed [55] , [56] . One can distinguish between two classes of approximate algorithms that are able to reconstruct spiral data with acceptably low artifact content and that are applicable for medical CT. A frequently used method suitable for the spiral trajectory is a Feldkamp-based reconstruction which consists of a convolution and a 3-D backprojection step. It is of importance to carry out the convolution in the direction of the spiral tangent [36] ; otherwise, image quality would be severely degraded.
One especially promising approach to innovative reconstruction techniques is the advanced single-slice rebinning (ASSR) algorithm [56] . As a first step, several planes which are each individually and optimally aligned to the spiral trajectory are reconstructed. Within those planes cone-beam ar- tifacts are reduced as much as possible. During a second step, the final images within the usual Cartesian patient coordinate system are interpolated from the stack of tilted planes (Fig. 5) . The originally published ASSR algorithm has been extended to overcome certain restrictions of the spiral pitch setting and problems which occurred if the direction of table feed does not coincide with the axis of rotation of the X-ray tube [57] . Today, ASSR and related tilted-plane algorithms are utilized in several commercial 16-slice CT scanners, because there is no other known reconstruction technique that can keep the cone-beam artifacts acceptably low and simultaneously keep the reconstruction time within reasonable limits (Fig. 6) .
Advanced algorithms are preferred because they produce fewer artifacts and additionally offer the decisive advantage to define the resulting reconstructed or effective slice width retrospectively. There is, in principle, no unique way to synthesize planar data from an arbitrary MSCT data set. Thus, image quality can depend to the same degree on the specific reconstruction software as on other influences such as scan protocols or the scanner's hardware. This introduces new challenges when comparing different systems. The clinical user benefits from the new variability of the reconstruction capabilities in several ways. In addition to the freely selectable reconstruction positions, which were already available with single-slice spiral reconstruction, MSCT systems offer a variety of effective slice widths which can be chosen prospectively or retrospectively. Note that can only be increased, but can never be lower than the collimated slice widths. It is important to realize that MSCT enables the experienced user to determine image quality characteristics retrospectively over a wide range.
Referring to the example mentioned in the introduction, with unaltered pitch of 1.5 and mm, a 0.5-s-rotation 16-slice MSCT system performs the examination with 48-mm/s table speed. In this way, it takes 6.25 s to scan the same volume-in any case short enough for a single breath-hold; an example of the impressive volume coverage of modern MSCT systems is shown in Fig. 7 .
VI. CONSIDERATIONS OF IMAGE QUALITY AND DOSE
Even with sequential or single-slice spiral CT it was always possible to retrospectively generate thicker slices if desired: by simply adding up primarily reconstructed images. MSCT enables this technique now intrinsically since data can be acquired with thin slice collimation in acceptable scan times whereas the effective width of the depicted images can be controlled during the reconstruction itself. Data are measured routinely with tube-current and rotation-time settings adequate for high-contrast resolution and reconstructed with arbitrarily increased slice thickness and correspondingly decreased noise levels for low contrast resolution by combining data.
Initially, CT imaging was-similar to magnetic resonance imaging (MRI)-nonisotropic with respect to spatial resolution since the slice thickness was significantly larger than the in-plane resolution element size, which is of the order of 0.5 mm (typically, ten line pairs per centimeter for 50% contrast). Consequently, there was always a clear difference in image quality between the primarily measured transversal plane and any secondary reformatted planes aligned along the longitudinal ( axis) direction. This severe drawback has been overcome completely by combining spiral scan techniques, multirow detector systems and advanced reconstruction algorithms.
With the spiral scan mode, the resolution in the direction is not limited to the physical slice spacing and thickness. The scanned volume can be sampled virtually continuously along the axis, since the transaxial images always result from some interpolation method and, thus, their position within the scanned volume can be defined retrospectively. Fig. 8 shows the result of measurements of a 3-D bar pattern test phantom performed on a modern MSCT system: an isotropic high-contrast spatial resolution of 0.8 mm or less in each dimension is available in daily routine with standard settings of the scan parameters.
However, there still remain small problems with the multirow detector systems. The physical slice width of MSCT scans is adjusted by near-focus collimation and electronic switching of the respective detector rows. For normalization reasons, all contributing slices have to be illuminated with a constant primary intensity. Therefore, the penumbra regions originating from the finite focal spot width of the X-ray tube do not contribute to the final images, but they do contribute to the dose applied to the scanned volume (Fig. 9) . This problem will be of less and less importance when the number of simultaneously acquired slices increases.
Spiral CT in principle offers many means to reduce dose and, at the same time, to reduce X-ray tube load. One example is the online tube-current modulation technique (implemented with names such as "CareDose" or "SmartScan" by the manufacturers) which adjusts the tube output according to the photon flux reaching the detector so that the radiation dose is no more than necessary for the specific region of the body being scanned. Another example is Multidimensional Adaptive Filtering (MAF) which is designed to do a -interpolation and filtering whereby the filter widths are set adaptively according to the noise level within the raw attenuation data. Fig. 10 shows the results achieved by applying an algorithm called 180 [3] , [58] . Thereby, only those data points are filtered where the noise level exceeds a selectable threshold; in the case of a resulting signal-to-noise level below the critical value, the -filter width is extended according to the absolute noise level. Consequently, only a minimum amount (1%-5%) of data is affected. Therefore, no loss in 3-D spatial resolution is observed, but there is an effective reduction in noise artifacts. The MAF approaches can be combined with any advanced reconstruction algorithm (e.g., ASSR) and improves image quality significantly. The MAF approach is especially beneficial in the presence of metal implants and also in regions where the human anatomy deteriorates the signal-to-noise ratio noticeably, e.g., the shoulder or the hip region (Fig. 10) .
VII. NEW AND IMPROVED APPLICATIONS
MSCT has great potential for new applications. Of these, the most promising appears to be subsecond cardiac CT imaging with MSCT which offers an enormous clinical potential.
The principle is to record the ECG signal during the spiral scan as the data are collected, and to reconstruct images for retrospectively selected heart phases in correlation to the ECG. A number of different approaches are available [59] - [62] . The consistency with which cardiac anatomy is Fig. 9 . Dose efficiency is reduced due to the X-ray penumbra which has to be excluded in MSCT. From single-slice CT (SSCT) to MSCT and cone-beam CT (CBCT) systems the number of simultaneously acquired slices increases. Thereby the additional dose contributed by X-ray quanta within the penumbra which do not contribute to the signal becomes negligible: its contribution drops inversely with the number of slices M . The lines shown indicate the central plane of the single slice and the four or 16 slices, respectively, without depicting their finite physical width. being imaged in all three dimensions shows great promise (Fig. 11) . It is anticipated that cardiac imaging by MSCT will be an equal or potentially superior cardiac imaging modality, compared to MRI, and even to electron beam CT, which is still being regarded as the gold standard in cardiac CT imaging.
The extended concept of 16 simultaneously measured slices enables new reconstruction techniques, which were extensively tested on simulated and real data sets. Besides conventional ECG-gated multislice cardio CT [3] , a new cardiac gating algorithm has been developed, implemented and tested [63] . This so-called kymogram detection method is hardware independent and based only on the attenuation data measured in the standard manner. In addition, this Fig. 11 . A virtual CT angiography of the coronary arteries using a volume rendering technique. The abnormally originating right (large arrow) and a normal left coronary artery (small arrow) are clearly visible. Usually both coronary arteries originate from different points on the aorta (A). In addition, some small calcifications are visualized as white regions within the left coronary artery. Only 30 s are necessary to acquire enough data to image the heart in all cardiac phases during a relatively simple and comfortable procedure. For qualitatively good images-such as the one shown here-the heart is depicted in slow motion phases of the cardiac cycle (Courtesy of Dr. S. Achenbach).
method is utilized for depicting the lung with reduced artifacts due to cardiac or aortic movement, thereby drastically improving the diagnostic value of thoracic studies, especially in the periphery of the beating heart and pulsating arteries (Fig. 12) .
The motion information (the kymogram) of the patient's heart is extracted from spiral CT attenuation data. The kymogram is computed by a center of mass tracking for the scanned thorax followed by three steps of digital signal processing: 1) bias correction; 2) bandpass filtering of frequencies between 40/min and , where is the rotation time of the scanner; and 3) peak detection which yields the final synchronization information [63] . Without the need for ECG recording the kymogram technique leads to images that clearly delineate all details of the heart and its periphery (for more examples, refer to http://www.kymogram.com).
VIII. SUMMARY
Multislice spiral CT offers many new possibilities for clinical CT scanning. Drastically increased scan speed and resolution, respectively, as well as new applications such as cardiac CT have become feasible in clinical routine for the first time.
The concept of acquiring multiple slices simultaneously yields image quality better than single-slice spiral CT. The reconstructed slice width can be chosen freely and retrospectively which offers additional flexibility when evaluating optimal protocols for various kinds of examinations. 3-D isotropic resolution can be achieved routinely with the scan duration short enough to scan in a single breath-hold. One of the most promising new applications is dedicated cardiac imaging which allows for four-dimensional (4-D) evaluation of the heart: the entire beating heart can be reconstructed in well-defined phases of the heart cycle, thereby adding high temporal resolution to the isotropic 3-D spatial resolution.
The newly developed scan, detector, and reconstruction techniques can be used in biological and medical research, where already micro-CT scanners are used today to monitor pharmaceutical studies with small animals such as the mouse ( [64] - [69] , Fig. 13 ).
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